Sodium magnetic resonance (MR) imaging in humans has promised metabolic information that can improve medical management in important diseases. This technology has yet to find a role in clinical practice, lagging proton MR imaging by decades. This review covers the literature that demonstrates that this delay is explained by initial challenges of low sensitivity at low magnetic fields and the limited performance of gradients and electronics available in the 1980s. These constraints were removed by the introduction of 3T and now ultrahigh (≥7 T) magnetic field scanners with superior gradients and electronics for proton MR imaging. New projection pulse sequence designs have greatly improved sodium acquisition efficiency. The increased field strength has provided the expected increased sensitivity to achieve resolutions acceptable for metabolic interpretation even in small target tissues. Consistency of quantification of the sodium MR image to provide metabolic parametric maps has been demonstrated by several different pulse sequences and calibration procedures. The vital roles of sodium ion in membrane transport and the extracellular matrix will be reviewed to indicate the broad opportunities that now exist for clinical sodium MR imaging. The final challenge is for the technology to be supplied on clinical ≥3 T scanners.
Introduction
Recent excellent reviews of sodium ( 23 Na) magnetic resonance (MR) imaging in humans have discussed the intricacies of spatially encoding the 23 Na MR signal into an image despite the low sensitivity and the biexponential relaxation behavior of the quadrupolar sodium ions in tissue (Bottomley, 2012; Madelin et al., 2014a; Madelin and Regatte, 2013; Ouwerkerk, 2011) . Specific human applications in the brain, heart and cartilage have also been reviewed (Shah et al., 2016; Bottomley, 2016; Zbýň et al., 2014) . These reviews have taken the perspective of the MR physics for generating high quality 23 Na MR
images. The 23
Na MR signal provides novel metabolic information about tissue that is quite different from that of hydrogen (that henceforth, by convention, will be called the proton, 1 H) that is used for current clinical MR imaging. The interpretation of 23 Na MR images was initially descriptive emphasizing the anatomic distribution of contrast changes for detection of disease, following the approach used for interpreting 1 H MR images (Hilal et al., 1984 (Hilal et al., , 1992 Winkler, 1990) .
Once the early controversy about "invisible sodium" in tissue was understood to reflect the rapid biexponential relaxation of the 23 Na MR signal in tissue (Winkler, 1990; Hilal et al., 1992) , improved technology was required to unmask this metabolic information with quantitative tissue sodium concentration (TSC) mapping. The earliest proponents of 23 Na MR imaging expounded this goal of quantification (Hilal et al., 1984 (Hilal et al., , 1992 . Developments in hardware and software motivated by the need to improve resolution and data acquisition efficiency of 1 H MR imaging have been vital to the continued development of 23 Na MR imaging to where clinical implementation could be considered.
Major unmet needs persist in medicine. Many prevalent diseases have either no anatomic correlates or anatomic correlates occur very late in disease progression. Clinical MR imaging has not proven useful for clinical diagnosis of psychiatric illnesses (Krystal and State, 2014; MacQueen, 2010; Farah and Gillihan, 2012) except to exclude anatomic based diseases that may mimic or present as psychiatric disease. Important neurodegenerative diseases such as Alzheimer's disease and Huntington disease have only late anatomical changes detected by imaging (Frisoni et al., 2010; Jack et al., 2002 Jack et al., , 2013 . Recently updated 1 H MR imaging, its contribution to medicine must be fundamentally different. Quantification in this context means metabolic parameters with biochemical dimensions such as concentration (millimoles/volume or mass of tissue) and reaction rate (millimoles/unit time/volume or mass of tissue) with specified errors. Such parametric maps have the potential to permit metabolic modeling of tissue sodium biochemistry. Such maps can provide objective longitudinal monitoring of disease progression and response to treatment. Whereas biomarkers have only statistical correlations to outcome, sodium parameters have causal real-time relationships to both energy consuming and structural processes. Such quantitative spatially resolved parameters have been termed bioscales (Thulborn and Atkinson, 2013) .
Biological significance of sodium ion homeostasis in humans
The two major biological functions of sodium ions in human biology are its central role in the energy-consuming processes of membrane transport and its passive role as the major counter ion for balancing charges of tissue anionic macromolecules. These functions will now be highlighted in Sections 2.1 and 2.2, respectively.
Membrane transport using ionic pumps
The many thousands of coupled chemical reactions that make up the complex biochemistry of human metabolism are organized and coordinated through the compartmentalization of the different biochemical pathways and associated enzymes. Semi-permeable membranes separate compartments within and between individual cells. Transport mechanisms must be available for acquisition of vital substrates (e.g. glucose), to release products (e.g. neurotransmitters), to regulate metabolite concentrations (e.g. calcium ions), to allow energy production (e.g. oxidative phosphorylation), for elimination of toxic byproducts (e.g. urea) and to control cell volume. Despite the many different metabolites that must cross these semi-permeable membranes against concentration gradients, a common mechanism has evolved to power all membrane transport. This energy-consuming membrane bound enzyme is actually a family of isozymes called the sodium/potassium ion pumps (Na + /K + ATPase). It is made up of three types of polypeptide units, α, β and γ. There are four α isoforms termed α1, α2, α3 and α4 arising from separate genes ATP1A1, ATP1A2, ATP1A3 and ATP1A4 (Blanco and Mercer, 1998) . The protein α and β subunits have catalytic functions while the γ subunit has a regulatory function. The conformational changes that move three sodium ions out of the cell for every two potassium ions transported into the cell requires energy generated by the hydrolysis of the third high-energy phosphate bond of adenosine triphosphate (ATP) (Jorgensen et al., 2003; De Lores Arnaiz and Ordieres, 2014) . The shared 1997 Nobel Prize in Chemistry, awarded to Jens C. Skou for his discovery of this membrane bound protein in 1957, underlines the significance of understanding ion homeostasis across membranes in biology (Boldyrev, 2000) . In tissue, semi-permeable membranes separate compartments with different concentrations of large anionic macromolecules. Small cations and anions distribute between compartments to maintain overall electrical neutrality resulting in different ionic concentrations in the different compartments. Water partitions across the semi-permeable membrane to equalize the total ionic concentrations. This passive process is modified by the membrane bound Na + /K + ATPase that maintains a low intracellular sodium concentration of about 10-20 mM and a high intracellular potassium concentration of about 145 mM while extracellular concentrations of sodium and potassium are 135-145 mM and 4 mM, respectively (Somjen, 2004) . This ionic distribution then determines the passive water distribution between compartments and thereby controls cell volume. Although the water distribution is passive, water-selective membrane bound proteins called the aquaporins form the channels through which the water molecules selectively pass without ions. The ion gradients provide reverse diffusion gradients across the membrane. Potassium ions have the highest permeability of membranes in brain tissue due to the presence of a membrane bound protein channel that is selective for potassium ions. The Nobel Prize in Chemistry in 2003 was shared by Peter Agre and Roderick MacKinnon for their respective discoveries of the structures and selectivity of the membrane bound channel proteins for water (aquaporins) (Knepper and Nielsen, 2004; Agre and Kozono, 2003) and ions (potassium) (Zhou et al., 2001a (Zhou et al., , 2001b Morais-Cabral et al., 2001 ). This prize again recognizes the fundamental significance of the mechanisms of ion and water transport through membranes in biology.
As well as controlling cell volume, the ion concentration gradients across the semi-permeable cell membranes determine the resting membrane potential. In the brain, neurons have a resting membrane potential of about negative 60-70 mV compared to the extracellular compartment (Somjen, 2004) . This electrical potential serves as the basis for the action potentials of neurotransmission along axons and neurotransmitter release across synapses. Although this resting membrane potential in the brain, as expressed in the Goldman-HodgkinKatz equation (Somjen, 2004; Koester, 1981) , is largely determined by the potassium ion, due to its high permeability, the potassium ion gradient is linked to that of the sodium ion gradient via the Na + /K + ATPase activity. Up to two thirds of the energy production of the neuron is used to maintain this resting membrane potential (Ames, 2000) . The pivotal role of sodium in membrane transport that underpins so many vital functions can be a site of dysfunction and disease and is indicative of the potential importance of clinical 23 Na MR imaging.
Anionic macromolecules and counter ions
As the macromolecules that make up the structural integrity of tissue have electrostatically charged functional groups, counter ions are required to balance the resultant electrostatic interactions (Timasheff, 2002; Baldwin, 1996; Collins, 1997) . These electrostatic attractive and repulsive forces determine the solubility, conformation and aggregation properties of macromolecules such as proteins, nucleic acids, proteoglycans, phospholipds and glycolipids. These interactions, along with hydrophobic and hydrophilic affinities, control the structural and catalytic functions of these macromolecules. Sodium plays a key role as a counter ion in maintaining the structural and functional integrity of these macromolecules in all tissues both within and outside the cells.
Articular cartilage: tissue with low cell volume fraction
Articular cartilage is a tissue that lacks both blood vessels and innervation, being composed of a largely hypoxic extracellular matrix (ECM) that provides its mechanical role of weight bearing in joints (Lai et al., 1991; Grodzinsky et al., 2000; Torzilli et al., 2006; Jayasuriya et al., 2016; Huber et al., 2000) . Briefly, cartilage has a very low cellular content ( < 5% cell by volume); with the extracellular macromolecules providing the compressive stiffness to buffer weight bearing and tensile strength to resist shear forces within mobile joints (Bank et al., 2000; Mäkelä et al., 2012 Mäkelä et al., , 2015 Tiku and Madhan, 2016; Mow et al., 1999) . The biochemical structure of cartilage tissue consists of about 15-30% by volume of extracellular cross-linked glycosamine sulphate proteoglycan (GAG) polymers, (primarily aggrecan) binding water in a network of primarily type II collagen proteins occupying up to 50-75% of tissue volume. 80-85% of cartilage weight comes from water and dissolved electrolytes (Mow et al., 1999) . Whereas the collagen proteins provide tensile strength to maintain overall shape of the cartilage, the compressive elasticity of the cartilage is due to the bound water and electrostatic repulsion of the sulphate and carboxyl groups of the GAG. These functional groups constitute the fixed charge density (FCD) of the GAG that generates the osmotic pressure within the cartilage. The equation, derived by Donnan (Donnan, 1924) , summarizes the biochemistry of the mechano-electrochemical properties of cartilage that relate the FCD, C F , to the equilibrium concentrations of the counter ions in the ECM (C) and in the bathing solution of synovial fluid in the joint space (C*), such that:
Under instantaneous compressive loads, water bound in the GAG network provides compressive resistance while prolonged compression extrudes bound water and counter ions from the polymer to lubricate the joint space while the electrostatic repulsion of the negatively charged sulphate and carboxyl groups provides further compressive elasticity. The density of the collagen protein network controls the rate of shifts in water thereby determining overall cartilage function. The concentration of sodium within normal cartilage ECM is as high as 300 mM, reflecting its role as the counter ion for the GAG network and is a measure of the GAG content (Shapiro et al., 2000 (Shapiro et al., , 2002 Wheaton et al., 2004) . Although the sodium concentration is high in cartilage, the cartilage structures are small providing a challenge for 23 Na MR imaging. Quantification of sodium in such small structures must address the issue of partial volume effects (PVE) as the cartilage is immersed in the synovial fluid of the joint that also has a high sodium concentration.
Brain: tissue with high cell volume fraction
The ECM in the small interstitial space of the brain is the structural scaffold controlling tissue integrity. This ECM, including the perineural nets (PNN) (Carstens et al., 2016) , is made up of specific gene products from the neurons and glial cells that mimic the structural principles of cartilage but without collagen and with different GAG polymers. The ECM of the brain consists primarily of macromolecules of proteoglycans also termed lecticans (neurocan, brevican, versican, phosphacan, synecan, glypican) with variable GAG polymers of chondroitin sulphate, dermatan sulphate, keratin sulphate, heparin sulphate and nonsulphated hyaluronic acid. Hyaluronan is a non-sulphated polymer of glucosamine and glucoronic acid without a protein component that is cross-linked by the lecticans to the protein tensacin. Another group of membrane-bound proteins called the integrins link the ECM to the surface of neurons (Pan et al., 2016) .
Although the ECM of brain is different from that of cartilage, the structural principle of macromolecular anions and sodium counter ions still applies. The electrostatic effect of the ECM provides structural scaffolding for the cells of brain tissue while buffering the cationic concentrations of the small interstitial space and balancing the water distribution between the intra-and extra-cellular compartments.
There are still many complex and yet incompletely understood interactions between the ECM and neuronal and glial cells that affect cellular metabolism, function, proliferation, synaptic plasticity and gene expression that are associated with disease and well beyond the scope of this review (Bonneh-Barkay and Wiley, 2009 ). Briefly, ECMmodifying enzyme systems involve the extracellular proteases (matrix metalloproteinases and tissue plasminogen activator) and the GAG degradation enzymes of hyaluronidase, chondroitinase and heparanase. These enzymes sculpture the proteins and polysaccharide side chains of GAG in the ECM during development. The ECM also has binding functions for various growth factors such as vascular endothelial growth factor (VEGF) and fibroblast growth factor (FGF) and communicates with the cells via the integrins and so should not be thought of as simply a scaffold. The TSC in the brain reflects both intracellular and extracellular sodium that acts as the counter ion for macromolecular anions in both compartments. The extracellular space can be divided into three compartments. The interstitial space between cells containing the ECM must be distinguished from the perivascular space and the vascular space. The recent neuropathology literature now recognizes that the perivascular spaces (Virchow-Robin spaces) around small arteries and arterioles penetrate brain tissue from the CSF-filled subarachnoid spaces from the pia mater and contain CSF (Carare et al. , 2013; Iliff et al., 2012; Rennels et al., 1990; Zhang et al., 1990; Cserr et al., 1992; Aukland et al., 1993; Abbott et al., 2004; Weller et al., 2005; Koh et al., 2005; Hadaczek et al., 2006; Iliff et al., 2012; Carare et al., 2008; Weller et al., 2008; Ball et al., 2010) . Such spaces are always present and can sometimes be enlarged and observed on delayed contrast enhanced conventional 1 H MR images (Naganawa et al., 2016) . The vascular space of the brain is small, representing only about 3% of the brain tissue volume, with white matter having half the vascular volume of gray matter. The perivascular space is even smaller. CSF is produced by the choroid plexus in the ventricles but normally does not penetrate the brain parenchyma directly. CSF penetrates from the subarachnoid space through the pia mater along the perivascular spaces of penetrating arteries and arterioles to the terminal capillary beds and then out along the draining veins. This network is now well documented in humans by multiple in vivo and ex vivo ultrastructural and diffusional neuropathological techniques (Carare et al., 2013; Iliff et al., 2012; Rennels et al., 1990; Zhang et al., 1990; Cserr et al., 1992; Aukland and Reed, 1993; Abbott, 2004; Weller, 2005; Koh et al., 2005; Hadaczek et al., 2006; Carare et al., 2008; Weller et al., 2008; Ball et al., 2010) . This pathway is thought to be equivalent to the lymphatic drainage network of tissues outside the central nervous system. However these perivascular spaces are separated from the interstitium by astrocytic foot processes (Iliff et al., 2012; Carare et al., 2008; Weller et al., 2008; Ball et al., 2010) . These astrocytes control fluid flow between the interstitium to the perivascular spaces indicating that these are different compartments. The interstitial fluid is not derived from CSF but comes from the capillary beds of the vascular system and so has a different origin and function from CSF. Furthermore, the movement of low molecular weight molecules from the interstitium into the perivenous spaces for removal from the brain is dependent on aquaporin expression in the astrocytes (Iliff et al., 2012) . This pathway has been termed glympatic pathway (Iliff et al., 2012) . In contrast, the periarterial flow appears to be hydrodynamically driven by cardiac pulsations (Hadaczek et al., 2006) . Currently, the sodium MR signal from brain tissue reflects all of these different spaces of the extracellular and intracellular compartments.
Overcoming the previous challenges of 23

Na MR imaging
The potential metabolic information was the early driving motivation for developing clinical 23 Na MR imaging. Its development required solutions to the challenge of low sensitivity (Section 3.1) to have practical means to obtain accurate parametric maps of TSC (quantification, Section 3.2).
Sensitivity limitations
Sodium is second only to protons in having the most sensitive biologically relevant MR signal. The considerably lower concentration (e.g. 35 mM sodium ions compared to 80 M protons in human brain) and its four fold lower intrinsic sensitivity presented a significant barrier to early 23 Na MR imaging. Clinical magnets had a low field strength with limited gradient and electronics performance but sufficient for the long relaxation times of the 1 H MR signal. In the 1980s and early 1990s, 1.5 T was the highest field strength of state-of-the-art clinical scanners (Hilal et al., 1992; Feinberg et al., 1985; Perman et al., 1989) . Unlike sodium in free solution of CSF, the sodium MR signal in tissue has biexponential relaxation behavior with most of the 23 Na signal being lost within a few milliseconds. This biexponential behavior, attributed to the quadrupolar property of the sodium nucleus, is related to the anisotropic environment of sodium ions generated by macromolecules. This rapid signal loss resulted in images of low signal to noise ratio (SNR), primarily reflecting sodium in the CSF spaces with little relevant information from the tissues (Hilal et al., 1992; Feinberg et al., 1985; Perman et al., 1989) . As much as 60% of the sodium signal was termed "invisible sodium" due to this rapid loss of signal before spatial encoding could be performed. The "invisible sodium", correctly attributed to sodium ions with short relaxation time, became controversial when this sodium was thought to be intracellular and bound to macromolecules. The belief was that the extracellular compartment was an extension of CSF spaces and allowed free diffusion. This may be partially true for water and very small molecules (Syková and Nicholson, 2008; Verkman, 2013) but not for sodium cations. It is now well established that macromolecular anions are present in both intracellular and interstitial compartments and that the rapid relaxing sodium MR signal arises from both tissue compartments (Naritomi et al., 1987; Winter and Bansal, 2001; Navon, 1993) . Clinical trials on prototype clinical 3 T scanners between 1995 and 1998 resulted in the first Federal Drug Administration (FDA) approved clinical 3 T scanner in 1999 (Thulborn, 1999a (Thulborn, , 1999b . The improved sensitivity of 3 T with improved gradients and electronics was revolutionary for 1 H MR imaging and particularly for functional MR imaging (fMRI) which was one of the driving motivations for this field strength to enter clinical practice. A side benefit was the significant improvement in sensitivity for 23 Na MR imaging (Thulborn, 1999b) .
The performance of the gradients and electronics had been improved for 1 H MR imaging on 3 T scanners but also removed the previous constraints on 23 Na MR imaging (Hilal et al., 1992; Feinberg et al., 1985; Perman et al., 1989) . The lack of reliable metabolic images and the technical challenges in those early days prior to 3 T scanners resulted in lackluster enthusiasm for further development by clinicians and scanner manufacturers alike. The many technical advancements made in human MR scanners to improve 1 H MR imaging over the next decade in high (3 T) and ultra high field (7, 9.4 and 10.5 T) superconducting magnets (Thulborn, 1999a; Gizewski et al., 2015; Ugurbil, 2014; Budinger et al., 2016) , actively shielded gradients (Mansfield and Chapman, 1986; Spees et al., 2011) , radiofrequency (RF) antennae (Miller et al., 1996; Qian et al., 2012a; Benkhedah et al., 2016) , digital electronics and computers as well as a more complete understanding of image generation and signal processing (Qian et al., 2006 (Qian et al., , 2009 Niendorf et al., 2015; Alizai et al., 2015) have surmounted all of the original technical hurdles associated with the lower sensitivity of 23 Na MR imaging. The steps taken for generating high quality biochemically meaningful sodium images in humans will now be reviewed.
Quantification challenges
The lower SNR of sodium MR imaging compared to that of protons is determined by two primary factors beyond the difference in intrinsic MR sensitivity of the two nuclei. These are the biological concentrations and the nuclear relaxation properties.
Biological concentrations
The concentration differences between sodium and protons in biology are the obvious first factor that compromises the SNR of sodium MR imaging relative to that of protons. As the 23-sodium isotope is 100% abundant in nature, concentration enhancement via isotope enrichment, such as had been used in human 17-oxygen MR imaging , is not possible for sodium.
Nuclear relaxation properties of 23 Na
The nuclear properties of the sodium nucleus are more complicated than those of the proton. A complete discussion of the quantum mechanics underlying these MR phenomena is available elsewhere (Bottomley, 2012; Madelin et al., 2014a; Madelin and Regatte, 2013; Ouwerkerk, 2011; Springer, 1991a, 1991b; Abragam, 1961) but some simple explanations provide an introductory framework that also leads to the basis for quantification of 23 Na MR signals.
Quantum mechanics describes the fundamental properties of subatomic particles that are not apparent in the behavior of macroscopic objects. These properties are reflected in the quantum numbers assigned to such particles. The spin quantum number (I) summarizes the magnetic properties of subatomic particles. As the proton is a subatomic particle with an electric charge and motion, it has a magnetic field and can be referred to as a magnetic dipole. This magnetic property of the proton is assigned I=½. The magnetic field of the proton allows interactions with fluctuating magnetic fields generated in its immediate environment by neighboring magnetic dipoles such as electrons and other nuclei. These interactions of magnetic fields are short range, dependent on relative orientation and on the frequency of fluctuation. The proton has a spherically symmetric positive electric charge and so has no directionality in an electrical sense. In contrast, the sodium nucleus, a collection of protons and neutrons, has a positive charge and a spin quantum number of I=3/2. Just as with protons, the magnetic field of the sodium nucleus can interact with local fluctuating magnetic fields. In addition, the larger sodium nucleus has a nonspherical distribution of the electric charge that can be described by an electric quadrupole moment. Such quadrupolar nuclei can experience the effects of neighboring fluctuating electric fields as well as magnetic fields. As the electric field interactions are stronger, they dominate over magnetic field interactions.
Quantum mechanics dictates that an ensemble of nuclei with nonzero spin number I has a number of discrete energy states, m I , given by 2I+1. Thus, sodium has 2I+1=4 energy states where m I =3/2, ½, -½ and −3/2. These energy states are equivalent or degenerate in the absence of an applied magnetic field (B 0 =0). Application of a magnetic field (B 0 > 0) generates non-degenerate energy states so that transitions can occur between states. However the quantum mechanical selection rule for simple MR observable transitions are limited to Δm I = ± 1 so that sodium nuclei have three possible transitions (−3/2→−1/2, −1/ 2→+1/2, +1/2→+3/2) between the four energy levels. These transitions are termed single quantum coherences. In aqueous environments where kinetic energy allows rapid motion, magnetic and electric fields average out to become isotropic on the time scale of the MR phenomenon. All transitions then occur at the same first order rate constant and the sodium MR signal shows single exponential relaxation behavior for both longitudinal and transverse relaxation times, termed T 1 and T 2 , respectively. Note for clarity and without further explanation that convention states that the highest energy levels are negative for positive spin quantum numbers. However, in macromolecular environments where rotational and translational motions are slowed, the non-spherical distribution of the electric charge of the sodium nucleus permits interaction with anisotropic electric fields of the charged groups on the macromolecular anions. Such electric field interactions produce faster relaxation rates for the −3/2←→−1/2 and 1/2←→3/2 transitions, termed satellite transitions compared to the −1/2←→+1/2 transition, termed the central transition (Bottomley, 2012; Madelin et al., 2014a; Madelin and Regatte, 2013; Ouwerkerk, 2011; Shah et al., 2016; Bottomley, 2016; Zbýň et al., 2014; Hilal et al., 1984 Hilal et al., , 1992 Winkler, 1990; Springer, 1991a, 1991b; Abragam, 1961; Pekar et al., 1987; Qian et al., 2014a) . The interactions of these electric fields cause the biexponential behavior of sodium ions, with about two thirds of the signal relaxing at the faster rate (i.e., shorter relaxation time). Other transitions (−1/2←→3/2 and −3/2←→1/2), termed double quantum coherences (DQC), and (−3/2←→3/2), termed triple quantum coherences (TQC), can occur but require more complicated filtered MR experiments to be observed. Such multiple quantum transitions reflect macromolecular interactions but viewing these interactions with 23 Na MR imaging is not yet practical for routine clinical studies and so will not be discussed further (Bottomley, 2012; Madelin et al., 2014a; Madelin and Regatte, 2013; Ouwerkerk, 2011; Pekar et al., 1987; Qian et al., 2014a; Ra et al., 1986; Kalyanapuram et al., 1998; Hancu et al., 2000; Borthakur et al., 1999) . When biexponential behavior is present, the two components are referred to as the fast and slow components when discussing relaxation rates or as the short (T 2s ) and long (T 2l ) components when discussing relaxation times. This transverse relaxation behavior is also reflected in the longitudinal relaxation times (T 1 ) although these times are longer. Although relaxometry can sometimes be used resolve these long and short components in research settings, such methods are still far too time consuming for imaging to be practical clinically. The transverse relaxation times in the literature vary with tissues such as brain, heart and cartilage with ranges for the short component being 0.5-3.0 ms and the long component being 7-30 ms (Perman et al., 1989; Pekar et al., 1987; Qian et al., 2014a; Ra et al., 1986; Madelin et al., 2012) . These ranges presumably reflect the great heterogeneity of sodium environments within and among different tissues.
Quantification
The principles underlying the MR measurement of a concentration of an observable metabolite have been described (Thulborn and Ackerman, 1983; Boada et al., 1997a; Lu et al., 2010) . Briefly, the Curie Law states that the maximum measured MR signal (M 0 ) is related to the number (N) of nuclei in the sample by:
where the B 0 is the applied static magnetic field, T is absolute temperature, k is the Boltzmann constant, γ is the gyromagnetic ratio and h is Planck's constant. For imaging, N is the number of nuclei in each voxel of the image. The MR antenna must be designed to have uniform sensitivity across the field of view (FOV) and the magnitude of the excitation magnetic field (B 1 ) of the RF pulse must be selected to maximize the signal without saturation and short enough so that the signal is detected before significant signal relaxation has occurred. The time from the center of the RF pulse to initial signal detection at zero effective encoding gradient is termed the echo time (TE) and should be as short as possible. It is also assumed that the encoding gradients are linear so that all voxels have equal volume. Rearrangement of Eq. (2) indicates that the sample concentration, C (sample) , in each voxel can be determined from the product of the known concentration, C (calibration) , of a calibration phantom with the ratio of the maximum measured MR signals from the voxel of interest in the sample (M 0(sample) ) and calibration phantom (M 0(calibration) ), such that:
The necessary condition of uniform sensitivity over the FOV requires corrections for both B 0 and B 1 non-uniformities. The encoding gradients should be calibrated to ensure that voxels are the same volume over the FOV. A number of methods are available for such corrections with hardware design (Thulborn et al., 1998) and with mapping techniques Tse et al., 2016; Thulborn et al., 1999a Thulborn et al., , 1999b Mirkes et al., 2015) . The calibration phantom can be placed within the same FOV as the sample (Alizai et al., 2015; Madelin et al., 2012) . However, as RF antennae are designed to achieve the best filling factor for the sample of interest to maximize SNR, space becomes a problem. Adequate space within the FOV is possible for muscle and breast MR imaging Zaric et al., 2016) . Such calibration phantoms at the edge of the FOV are located in regions of high B 0 and B 1 inhomogeneity near the RF coil. Limited space within the antenna also requires phantoms to be small so that the images are prone to artifacts. The alternative approach is to use a separate imaging measurement with a larger calibration phantom placed in the same location within the antenna as the sample (Lu et al., 2010; Thulborn et al., 2016) . This phantom must produce the same electrical coupling to the antenna as the sample or a normalization phantom must be used in the same location within the FOV for both the sample and calibration measurements (Lu et al., 2010) . Both methods have been reported in the literature with advantages and disadvantages.
Although Eq. (3) indicates that the calibration should be linear, the effect of noise on MR signal intensity in magnitude images must not be neglected for low SNR images. Ideally the SNR should be greater than 10 to achieve a minimally acceptable accuracy of measurement ( < 10%). Image noise is independent of the MR signal to be measured but produces a positive offset of signal intensity that results in a nonlinear response function for low SNR MR signals (Miller and Joseph, 1993; Koay and Basser, 2006) . The simplified approach used in the literature is to use two or more calibration phantoms with concentrations in the biological range so that the linearity of the calibration response can be established for the SNR of the images (Lu et al., 2010; Atkinson et al., 2011; Romanzetti et al., 2014; Qian et al., 2014b) . However, even a linear calibration curve may not be correct if the relaxation properties of the signal from calibration phantoms do not match those of the tissue for which the sodium concentration is to be measured or if the calibration phantoms do not couple to the RF antenna with the same efficiency as the sample (Lu et al., 2010) . 23 Na MR imaging is now discussed in terms of producing quantitative maps at acceptable spatial resolution in a reasonable acquisition time.
Encoding the sodium MR signal
Radial projection imaging
MR imaging, as first reported using the proton MR signal by Paul Lauterbur in 1973 (Lauterbur, 1973 , used radial projection imaging (RPI) in which the MR signal was immediately observed under a set of linear frequency encoding gradients of different orientations. Although an incredibly important and insightful concept, rewarded 30 years later when Professor Lauterbur shared the Noble Prize in Physiology or Medicine in 2003, the original RPI acquisition method and backprojection reconstruction algorithm were very inefficient for generating high-resolution images. This inefficiency resulted in very long acquisition times at relatively low resolution even for proton signals. This RPI method was soon replaced in proton MR imaging with orthogonal phase and frequency encoding of refocused echoes of the MR signal using spin-echo and gradient-echo imaging acquisition protocols and fast Fourier Transform (FFT) reconstruction methods that remain the basis of clinical MR imaging today (Pipe, 1999; Roberts and Mikulis, 2007) . Although these acquisition schemes radically reduced proton imaging acquisition times while producing higher spatial resolution images with multiple types of image contrast, such methods could not be used with the much shorter relaxation times of sodium. Until actively shielded gradients and better designed gradient drivers and transmit/receive switches improved gradient switching times and shortened TE, 23 Na MR imaging remained limited to primarily measuring the slowly relaxing component of the sodium signal. The early clinical experiences at 1.5 T with acquisition delay times as short as 2.5 ms reported the need for further technical development (Hilal et al., 1992; Gizewski et al., 2015; Ugurbil, 2014; Grodd and Klose, 1988; Turski et al., 1988) .
Modern spatial encoding of the sodium MR signal
A full description of MR imaging and k-space is beyond the scope of this review and introductions are available elsewhere (Pipe, 1999; Roberts and Mikulis, 2007; Twieg, 1983; Huettel et al., 2004) . However from the above discussion of relaxation properties, quantitative 23 Na MR imaging of tissue requires rapid spatial encoding of the sodium MR signal immediately after it is generated by the B 1 field to avoid loss of the fast component of the MR signal. This condition is met by turning on the encoding gradient immediately at the end of the B 1 pulse, as in the radial projection imaging (RPI) method. To avoid signal loss from the time required for conventional slice selection, the B 1 field is generated by a short rectangular RF pulse that excites the whole sample. The resultant signal from the sample must then be encoded by projections in three dimensions. A simplified explanation of spatial encoding now follows because the advances in this process were essential for 23 Na MR imaging to become feasible for use in clinical settings.
The inefficiency of a three-dimensional radial projection (3DRPI) acquisition is reflected in the 35-min total acquisition time required for an isotropic resolution of 4 mm (Hilal et al., 1992) . This inefficiency is easily appreciated in the k-space description of imaging as the center of k-space is densely sampled but the edges of k-space are undersampled. As the lowest sampling density determines the spatial resolution, many more projections are required to increase the sampling density further from the center of k-space. As each projection takes a repetition time TR, more projections mean longer total acquisition times -contradictory to the goal of high resolution images in short acquisition times for human imaging.
The major breakthrough for sodium imaging came with the realization that there are no physical constraints from the antenna used for MR signal detection so that more efficient projection encoding schemes can be used for MR imaging. The first practical demonstration came from Fernando Boada in the form of the twisted projection imaging (TPI) scheme (Boada et al., 1997a (Boada et al., , 1997b (Boada et al., , 1997c . This method replaced radial linear gradients with time varying gradients with a short radial component to move rapidly away from the center of k-space followed by a time varying gradient that swept out a three dimensional spiral trajectory (Boada et al., 1997a; Lu et al., 2010) . The total acquisition involved rotating these complex trajectories on a set of stacked cones to cover 3D space. The resolution provided by this more uniform sampling over a sphere was determined by the angular spread of the cones. The speed up in total acquisition time was considerable as each twisted projection acquired the equivalent of multiple radial projections on the same cone. TPI allowed the first quantitative sodium concentration maps of human brain to be acquired at 3 T in 10 min at a nominal isotropic spatial resolution of about 5 mm. A very short TE of less than 0.3 ms was achieved at 3 T (Boada et al., 1997a (Boada et al., , 1997b (Boada et al., , 1997c . Boada used the computationally more efficient reconstruction algorithm for the TPI data that had been first introduced for positron emission tomography (PET) (Chesler et al., 1992; Stearns et al., 1987) . This reconstruction process gridded the projection k-space data onto a Cartesian reference frame with an appropriate weighting function for each point to allow the use of the FFT for image reconstruction.
Variations on Boada's ultra-short TE (UTE) approach to optimize gradient switching properties followed with 3Dcones (Gurney et al., 2006) and flexible TPI (Lu et al., 2010) . Density adapted 3D radial acquisition projection (DA-3DRPI) in which the radial gradient is decreased as the readout time progresses to sample time domain data more uniformly also increased efficiency over 3DRPI with simple gradients (Nagel et al., 2009; Konstandin et al., 2011) . Another method using slice selection with slightly longer TE times, called acquisitionweighted stack of spirals (AWSOS), offers shorter total acquisition times at much higher in-plane resolution (Glover and Pauly, 1992; Qian and Boada, 2008; Qian et al., 2012b) . Other k-space trajectories using distributed spiral trajectories (SPRITE, FLORET) have been proposed (Romanzetti et al., 2006; Pipe et al., 2011; Turley and Pipe, 2013) and used for 23 Na MR imaging, further increasing acquisition efficiency and/or resolution (Romanzetti et al., 2006; Paling et al., 2013; Madelin et al., 2015) . Such high spatial resolution provides access to small target tissues such as cartilage and may at least partially resolve gray and white matter in the brain. Higher resolution images show less degradation of quantification by PVE that otherwise require correction by post processing (Niesporek et al., 2015; Hoffmann et al., 2014; Solanky et al., 2013) .
Derived from older sequences (BLAST (Hafner, 1994) , RUFIS (Madio and Lowe, 1995) ) that appeared in the early 1990s but never used for 23 Na MR imaging, newer pulse sequences have been developed for imaging protons of water immobilized within macromolecular structures of bone and cartilage. These are sweep imaging with Fourier Transform (SWIFT) and zero TE sequences (ZTE), both with potential for 23 Na MR imaging (Idiyatullin et al., 2006; Grodzki et al., 2012; Weiger et al., 2011; Idiyatullin et al., 2015) . These newer sequences further dramatically shorten TE by applying the RF pulse while the encoding gradient is being applied. Although these sequences further minimize TE, T 1 saturation is present so that quantification of the signal remains to be verified for 23 Na MR imaging.
A comparison of different acquisition schemes using the calibration method with external calibration references at the edge of FOV has been reported for the human brain at 9.4 T (Romanzetti et al., 2014) . Of the five pulse sequences compared, TPI was judged to be optimal for quantification. Similar TSC values were obtained for the other projection methods while the GRE sequence with longer TE values was not considered to be as accurate (Romanzetti et al., 2014) .
Because imaging requires many RF pulses, quantitative MR imaging must separate each encoding step with a TR that is sufficient to ensure full T 1 relaxation. If T 1 is known then a correction can be applied but T 1 is usually not known for various pathologies and takes too long to measure accurately for routine clinical practice. As T 1 of sodium in body fluids is about 40-50 ms and almost full relaxation is achieved in times about three to four times longer than T 1 , TR values of around 160 ms are sufficient to avoid sodium T 1 saturation of CSF and therefore of the faster relaxing tissue sodium. This long TR value limits signal averaging to improve SNR but avoids another important issue for clinical imaging. The specific absorption rate (SAR) of energy into the sample from the RF pulse must be kept within guidelines. The FDA sets these guidelines in the United States to avoid excessive heating that can harm the subject. These guidelines are easily surpassed if short TR values are used (Stobbe and Beaulieu, 2008) . Quantitative 23 Na MR imaging with long TR values stays well within these SAR guidelines.
Spatial resolution and partial volume effects
The description of spatial resolution differs between projection spatial encoding and the Cartesian approach of phase and frequency encoding. Although voxel dimensions are the nominal resolution in Cartesian acquisitions, the point spread function (PSF), defining the distribution of signal intensity in a voxel, spreads beyond the voxel dimensions in projection imaging (Haacke et al., 1999) . Some of this loss of spatial resolution is because projection encoding produces a spherical k-space dataset that is a subset of the cubic k-space coverage of Cartesian encoding. This mismatch widens the PSF by about 40% (Boada et al., 1997a; Lu et al., 2010; Qian et al., 2010; Konstandin et al., 2015) . This loss of resolution is not dependent on the nucleus but only on the encoding scheme. For sodium MR imaging, there is further blurring due to the rapid loss of signal from T 2 relaxation during the encoding, especially for the fast component of the biexponential relaxation of tissue sodium (Boada et al., 1997a; Lu et al., 2010; Boada et al., 1997b; Qian et al., 2010; Konstandin et al., 2015; Mentrup and Eggers, 2006) . Together with the need to restrict total acquisition times for human imaging due to subject motion, these issues impose resolution limits that inevitably mean large voxels with millimeter dimensions for projection encoding compared to the submillimeter voxels of orthogonal encoding (Atkinson et al., 2011; Wang et al., 2009) . The consequence of these factors is that the nominal voxel dimensions over-estimate the true spatial resolution. As the signal intensity of each voxel is influenced by the signal intensities of neighboring voxels, PVE are significant. Quantification of signal intensities is perturbed by these PVE when regions of interest are small (several millimeter range for sodium voxels) and in heterogeneous tissue. For example, resolving accurate values of TSC in convoluted cortical gray matter (GM) with dimensions of a couple of millimeters from neighboring white matter (WM) and CSF is problematic without correction for PVE. Motion produces further correlations across the FOV to further complicate the real PSF and correction of PVE.
Attempts to correct PVE using the geometric transfer matrix (GM) method, initially developed for positron emission tomography (PET), have been made for 23 Na MR imaging, providing a partial correction (Niesporek et al., 2015; Hoffmann et al., 2014) . The method of segmenting the large sodium voxels into compartments by using coregistered higher resolution proton voxels has also been used but ignores the important issue that the PSF of voxels in pure CSF adjacent to voxels in pure gray matter are overlapping to produce mixed signals that are not fully corrected by this segmentation method. Probably the best means to reduce PVE is by improving the spatial resolution with the newer pulse sequences (e.g., AWSOS) that use rapid slice selection and asymmetric voxels (Qian and Boada, 2008; Qian et al., 2012b; Romanzetti et al., 2006; Pipe et al., 2011; Turley and Pipe, 2013; Paling et al., 2013) or isotropic voxels with newer 3D gradient echo methods (Madelin et al., 2015) . Such high-resolution methods will demand ultrahigh field (≥7 T) for sensitivity.
Tissue compartments
The use of shift reagents has distinguished the extracellular and intracellular sodium signals so that each concentration could be measured separately in cell suspensions, perfused tissues and rodents with implanted tumors (Naritomi et al., 1987; Winter and Bansal, 2001; Navon, 1993; Seshan et al., 1997) . Both the intracellular and extracellular compartments show biexponential relaxation with similar contributions from the short relaxation component (Winter and Bansal, 2001 ). These results confirmed that sodium-macromolecular interactions occurred in both compartments. The use of shift reagents is not feasible in humans. Attempts to measure the sodium concentrations in the different compartments using the biexponential behavior, as originally suggested (Hilal et al., 1992) , now seem futile. However such efforts continue to be reported based on the assumption that the extracellular space contains CSF with free sodium ions (Madelin et al., 2015; Petracca et al., 2016; Madelin et al., 2014b; Stobbe and Beaulieu, 2005; Trattnig et al., 2015) . This assumption arises from the partial suppression of the sodium MR signal in tissue using inversion recovery approaches to 23 Na MR imaging. The reduction in signal has been assumed to be only from the extracellular compartment because the method suppresses the signal from the CSF in the ventricular system (Stobbe and Beaulieu, 2005) . Although the interpretation is tempered to say that the separation is imperfect only biasing the remaining sodium MR signal towards the intracellular compartment, this is misleading for any interpretation of pathology when the degree of bias is unknown. From the discussion in Section 2.2.2, the interstitial space is not a CSF space. It is also clear that even intracellular sodium is not all bound to macromolecular structures. The Na + /K + ATPase activity and the resting membrane potential, as described by the Goldman equation, require free sodium concentrations in both compartments (Somjen, 2004; Koester, 1981) .
Hardware
The advancements in acquisition pulse sequences have improved spatial resolution in shorter acquisition times. Performance of these more efficient spatial encoding sequences has been dependent on faster switching and shorter ring down times of the transmit-receive switches and low eddy currents of actively shielded gradients, as have been reviewed elsewhere (Bottomley, 2012; Madelin and Regatte, 2013; Shah et al., 2016) . Increased field strength with modern 3 T clinical scanners has provided the expected improved SNR for sodium MR imaging (Thulborn, 1999b) . Even higher field strengths (≥7 T) have further improved performance SNR . RF antenna design for sodium MR imaging, including incorporation of proton capabilities for imaging of the brain, body and extremities have been reported Yan et al., 2014; Bangerter et al., 2016; Shajan et al., 2016; Kim et al., 2012) and reviewed (Zbýň et al., 2016a) . This integration of proton and sodium MR imaging, providing coregistered high-resolution anatomy images with superimposable biochemical maps, bodes well for a fully integrated 1 H/ 23 Na examination for clinical service. Given the current state of sodium MR imaging, the remaining hurdle to routine clinical sodium MR imaging will now be discussed.
Because current clinical MR imaging is based on the 1 H MR signal, MR scanners have been optimized for 1 H MR imaging with low noise, narrow band digital electronics. To satisfy researchers requesting access to other frequencies (e.g., carbon, sodium, phosphorus, lithium, fluorine) for imaging and spectroscopy on clinical scanners, broadband multi-nuclear spectroscopy packages (the so called MNS packages) have been supplied as a general solution for all non-proton frequencies. This package is not a standard part of clinical scanners. Although such broadband hardware and software are not optimized for any single frequency, the additional cost of this more expensive general solution is more of a handicap to clinical 23 Na MR imaging than the nonoptimized performance. RF antennae for sodium imaging are available commercially although very expensive in a niche marketplace. These high costs are the largest impediment for further clinical development of 23 Na MR imaging. In contrast, the commercial investment required to develop hyperpolarized 13-carbon ( 13 C) MR imaging for clinical scanners was made before any significant human applications had been demonstrated and despite large costs for the polarization device and ongoing operating costs (Kurhanewicz et al., 2008 Na MR imaging (Zaric et al., 2016; Wiggins et al., 2016; Kim et al., 2012) although verification of quantification of such sodium images remains to be confirmed. The goal of producing coils with configurations that allow both proton and sodium imaging to be performed without moving the patient and without degrading imaging performance remains an elusive goal .
The challenges confronting 23 Na MR imaging of humans from three decades ago have been addressed with today's clinical 3 T MR scanners that have the MNS package and commercially available RF coils using research pulse sequences and analysis software. Instrumentation improvements will continue just as is happening with 1 H MR imaging.
The prohibitive high cost barrier for routine clinical sodium MRI will be discussed further in Section 6.0 after the feasibility studies for clinical applications of 23 Na MR imaging in multiple organ systems are discussed in Section 5.0.
Sodium in human disease
Although a broad experience with 23 Na MR imaging in human disease suggests that sodium metabolic parameters may be useful, no multicenter clinical trials have been undertaken. This was also true for 1 H MR imaging (Hollingworth et al., 2000) and multicenter clinical trials for MR imaging remain rare (Kuhl et al., 2010) . The more recent observational studies investigating human diseases with sodium MR imaging will be described under the two biological categories of active and passive functions of sodium ions.
Diseases coupled to Na + /K + ATPase activity
Sodium ion pumps control most vital transport processes within and throughout all cells. Loss of ion homeostasis, reflecting ill health, can be measured by TSC. Such disruption can be observed in a number of diseases. It is also important to recognize that diseases can also arise directly from abnormal genetic expression of the ion pumps themselves (Boscia et al., 2016; Isaksen and Lykke-Hartmann, 2016; Bøttger et al., 2012; Heinzen et al., 2014) . Two well studied but rare diseases arising from gene mutations in the ATP1A3 gene coding for the α3 subunit of the Na + /K + ATPase expressed on neurons are alternating hemiplegia of childhood and rapid-onset dystonia-Parkinsonism. Familial hemiplegic migraine type 2 is an example of a mutation of the ATP1A2 gene resulting in expression of abnormal α2 subunits in glial cells. The low frequency and severity of these diseases again indicate the vital role of this enzyme in ion homeostasis. Sodium MR imaging has not yet been reported in these rare diseases. The more common disease of multiple sclerosis in its various clinical manifestations has been studied with quantitative sodium MR imaging but will not be discussed further as the metabolic basis of the increased TSC remains unclear (Paling et al., 2013; Eisele et al., 2016; Zaaraoui et al., 2012; Inglese et al., 2010) .
Stroke management
Stroke is one of the leading causes of death and disability in the world (Dani and Warach, 2014) . Stroke occurs with rapid onset of neurological symptoms and signs following abrupt occlusion of a blood vessel supplying blood to a region of the brain. Inadequate blood flow rapidly depletes tissue oxygen. Lack of oxygen stops ATP production from oxidative phosphorylation with resultant loss of ion homeostasis across cell membranes due to energy failure of the Na + /K + ATPase ion pumps. The change in distribution of ion concentrations between tissue compartments is the harbinger of cell death as water redistribution results in cytotoxic edema and cell swelling that, if not quickly reversed, destroys the cell. Although stroke is usually the abrupt consequence of blood clots embolizing from the diseased walls of large extracranial or intracranial arteries, the underlying disease of arteriosclerosis is only slowly progressive over many decades. The heart can also be a source of emboli usually from cardiac dysfunction from the same underlying vascular disease of the coronary arteries. Modifiable risk factors, including hypertension and smoking, enhance disease progression and risk of stroke. Control of these factors by medication and lifestyle changes has significantly reduced stroke risk and stabilized the annual number of stroke deaths.
Although acute stroke is a medical emergency, the underlying pathology is chronically progressive. Despite the success of preventive approaches, stroke remains a significant healthcare burden. An excellent review, examining the role of metabolic imaging in the management of acute ischemic disease, has summarized the different information available from each of the imaging modalities and suggested how that information may be used in acute stroke (Dani and Warach, 2014) . 23 Na MR imaging was discussed but not given a definitive role in medical management. Multiple recent clinical trials have indicated that patients with acute non-hemorrhagic stroke (out to 6 h from the initial symptom onset) involving clots in the internal carotid arteries or proximal branches should be treated with rapid mechanical retrieval of the clot together with thrombolytic agent to establish early tissue perfusion [as reviewed in (Asadi et al., 2016; Mokin et al., 2016; Akbik et al., 2016; Tatlisumak, 2015; Campbell, 2016) ]. Statistically, patients have better outcomes when reperfusion is achieved within 6 hours. Beyond 6 h, benefits are reduced and there is increased risk of hemorrhage, presumably from reperfusing dead tissue, which further compromises outcome. Any imaging used in such an acute setting must be readily available and rapidly deployed to avoid delays in this new treatment protocol. However, even after 6 h, some patients who are fortunate to have sufficient collateral circulation into the region of the compromised tissue may still benefit from reperfusion . There are also patients with stroke not involving large vessel occlusion who would not be eligible for mechanical thrombectomy. Such patients would be treated with thrombolysis only out to 4.5 h.
Thus, current practice of acute stroke management does not need 23 Na MR imaging. However TSC measurements may be useful to guide management decisions by identifying patients with viable tissue who may benefit from intervention outside the current therapeutic windows for thrombolysis and thrombectomy (Campbell, 2016) . Such a tissue viability parameter from 23 Na MR imaging was posited from earlier research using diffusion/perfusion measurements in a cat model of stroke (Vexler et al., 1994) and later demonstrated for 23 Na MR imaging in patients (Thulborn et al., 1999c) and confirmed by a number of laboratories (Vexler et al., 1994; Thulborn et al., 1999c Thulborn et al., , 2005 Boada et al., 2005a Boada et al., , 2005b . These studies suggested that a TSC threshold may indicate when viable tissue is still present (Thulborn et al., 1999c (Thulborn et al., , 2005 Boada et al., 2005a Boada et al., , 2005b Boada et al., , 2012 Hussain et al., 2009) . Approximately 10% of patients with large supratentorial strokes develop considerable brain swelling that leads to transtentorial herniation with brainstem compression and death in the first few days following acute onset. Mortality is very high at~80% if this complication is left untreated (Hacke et al., 1996; Oppenheim et al., 2000; Cho et al., 2003; Treadwell and Thanvi, 2010) . This delayed death from stroke is termed malignant middle artery syndrome or malignant stroke syndrome (Hussain et al., 2009) . One treatment is a decompressive hemicraniectomy to allow the swollen brain to herniate through the craniectomy site rather than transtentorially to compress the brainstem (Oppenheim et al., 2000; Cho et al., 2003; Treadwell and Thanvi, 2010) . When the brain swelling resolves, the bone flap is reinstalled in a second surgical procedure of hemicranioplasty. An alternative treatment is a single craniotomy with the surgical resection of the dead tissue to generate space for swelling. Such a strokectomy requires the dead tissue to be distinguished from viable tissue and few surgeons are willing to undertake such a procedure (Kalia and Yonas, 1993) . The belief is that stroke recovery is related to the survival of the remaining neurons in the area of stroke although the outcome from single strokectomy procedure is the same as for the hemicraniectomy and subsequent hemicranioplasty (Kalia and Yonas, 1993; Kostov et al., 2012) . Functional recovery following stroke does not occur in the damaged tissue but rather by neuroplasticity of existing neurocognitive networks (Cheung et al., 2005; Thulborn et al., 1999d) . The twostep hemicraniectomy and hemicranioplasty approach also involves an extended stay in the intensive care unit, increased risk for infection and longer recovery times that add cost to stroke management. Establishing nonviable tissue for strokectomy has been done with CT perfusion studies with xenon gas (Kalia and Yonas, 1993) as well as 23 Na MR imaging with good outcomes in a small number of patients (Thulborn et al., 2005) . In summary, sodium imaging does address unmet needs in stroke management but only after the acute phase when the therapeutic windows for standard of care protocols have closed or entry criteria for those protocols have not been met. As many patients arrive for medical care after this emergent time or without a witnessed time of onset, a viability parameter should have value. 23 Na MR imaging provides a metabolic parameter of TSC that reflects such tissue viability and could serve in decision-making in the appropriate medical setting.
Management of malignancy
Tumor treatment protocols have been established using large multicenter clinical trials (Stupp et al., 2005 (Stupp et al., , 2009 ). Such trials take many years to recruit sufficient patients to reach the statistical power required to resolve differences in survival among the treatment arms. Many factors influence outcome in these patients including heterogeneity in tumor cell type, location and size as well as attrition from the complications of treatment and medical complications of ill health as well as patient compliance. Many patients must be recruited to balance this population heterogeneity across the comparison arms of such cross-sectional clinical trial designs (Stupp et al., 2005 (Stupp et al., , 2009 ). The Meier-Kaplan curves are a common summary of the survival results. Attempts have been made to find imaging biomarkers that are predictive of outcome. Such biomarkers are posited as possible surrogate measures of outcome, i.e., survival, but do not measure quantitative real-time tumor responses. The methods for data analysis of images have moved beyond simple regions of interest analysis to other statistical methods based on distributions such as used by the parametric mapping technique (Galbán et al., 2009 ). However such statistical approaches still attempt statistical predictions of survival based on correlations with outcome, as shown in recent reports (Kickingereder et al., 2016; Ceschin et al., 2015; Yun et al., 2015) . This limitation arises when there is no established model of causality connecting the measured parameters to the biological changes produced by the treatment. An alternative approach would be to use quantitative parameters to measure the effectiveness of the treatment on a shorter time scale in each patient. This approach requires a quantitative causal model linking tumor response to the effect of the treatment. In these terms, the treatment is designed to selectively kill tumor cells and the desired response in the tumor is loss of cells. Treatments could then be changed if a treatment produced an unsatisfactory response in an individual patient. If the short-term treatment response is to be measured, the question is not survival of the patient but rather cell kill response in the tumor per cycle of therapy. This question is the reverse side of tissue viability discussed under stroke in Section 5.1.1.
Brain tumors.
The increase in sodium concentrations in brain tumors is due to two reasons. The intracellular sodium concentration increases in proliferating tissue. The extracellular space also expands in brain tumors with expansion of the ECM that is different from normal brain. Tumors are included under the active role of sodium as the clinical question is tumor viability that is based on the energy consuming process of ion pumping.
Although cancer treatment has achieved reassuring results for many tumors outside the central nervous system, brain tumors still retain an abysmal prognosis despite triple therapy with surgical resection, chemoradiation and chemotherapy. Glioblastoma, the most common brain tumor in adults, is classified as a World Health Organization (WHO) grade IV malignancy with short survival times without treatment. With treatment, median survival is 14.6 months with 30% two-year survival and 10% five-year survival (Stupp et al., 2005 (Stupp et al., , 2009 McNamara et al., 2013) . Radiation prolongs survival by a few months with follow-up chemotherapy with temazolamide achieving the current survival times. An extension in survival of months after three decades of clinical trials suggests the need for a new approach. Death from brain tumors is from local tumor progression whereas metastatic disease, not local recurrence, produces death from malignancies in the rest of the body.
The unasked clinical question in the monitoring of brain tumors during fractionated chemotherapy and radiation is how much tumor tissue has been destroyed with each fraction or cycle of therapy. The surrogate indicators used to imply response are primarily clinical assessment and imaging changes in volume or alteration of 1 H MR signal characteristics. Changes in volume are not particularly sensitive even after many cycles of treatment and difficult to measure accurately in a surgical bed with treatment changes extending into normal tissue. Permeability changes depicted by enhancement from intravenously administered gadolinium-based contrast agents have been interpreted as reflecting changes in tumor vessels. MR perfusion studies based on dynamic susceptibility contrast (DSC) and dynamic contrast enhancement (DCE) mechanisms have been interpreted as measures of tumor relative blood volume and relative blood flow (Li et al., 2015; Bisdas et al., 2014; Choi et al., 2015) . Although these parameters are potentially quantitative, the analyses have controversies and limitations. DSC perfusion studies are often compromised due to susceptibility-induced loss of signal from blood products left in the surgical site. DCE studies require an arterial input function that is of questionable validity in the setting of pathology. Conventional MR signal characteristics have no direct biological interpretation. Diffusion weighted imaging, and its enhancements as diffusion tensor imaging and kurtosis imaging, reflects ultrastructural features of tissue but no quantitative model connects diffusion of water to the heterogeneous structure of tumors and specifically to tumor cell density (Jakubovic et al., 2016; Price et al., 2006) . Water diffusion is altered by many features found in tumors including changes in the concentration and structure of the macromolecules that fill the expanded interstitial space of tumors but not directly related to cell density (Vargová et al., 2003; Zámecník et al., 2004) . It should be noted that the ECM of tumors is different from that of normal brain with increased collagen not found in the ECM of normal brain. The volume of ECM in brain tumors is higher than that of normal brain tissue while the cell volume fraction of brain tumors is lower than normal human brain (Jakubovic et al., 2016; Price et al., 2006; Vargová et al., 2003) . These findings of decreased cell volume fraction (CVF) in human tumors are supported by the finding of tumor sodium concentrations are greater than TSC in normal brain measured by 23 Na MR imaging (Bruehlmeier et al., 2003) . The model used to determine CVF is a simple two-compartment model (Lu et al., 2010; Qian and Boada, 2008) . If the volume of a voxel V V placed entirely within tissue can be divided between two compartments of the intracellular compartment with a sodium concentration C i and volume V i and the extracellular compartment of sodium concentration C e and volume V e then it follows by law of conservation, that the total tissue sodium concentration TSC is the sum of the moles in each compartment and that the cell volume fraction CVF can be derived as:
As quantitative 23 Na MR imaging gives the TSC in each voxel, the CVF can be derived if the concentrations of sodium in the two compartments are known. The C e is known from systemic sodium homeostasis to be approximately 145 mM and can be verified by a standard serum sodium concentration. The C i is also known for normal cells to be about 12 mM (Somjen, 2004) . However proliferating cells such as in tumor cells have increased sodium concentrations. These cells can have twice or more normal concentrations but as the C e is much greater than C i , the error from not having an accurate C i value introduces only a small systematic error in CVF estimated from Eq. (4). For normal brain tissue where TSC=35 mM, CVF=0.83 in good agreement with other methods (Jakubovic et al., 2016; Price et al., 2006; Vargová et al., 2003) . In tumors, TSC varies over a range from 50 to 100 mM allowing CVF to vary over a range of 0.71 to 0.33. These CVF values are well below normal brain and also in agreement with independent methods (Vargová et al., 2003; Zámecník et al., 2004 ). Even if the C i is doubled, as has been reported in proliferating rodent tumor cells (Cameron et al., 1980) , the range in CVF is still 0.79 to 0.37. The increase in TSC is outside the error in the estimate of C i and is explained by the expanded ECM in the extracellular space and decreased CVF of tumors (Bruehlmeier et al., 2003) . It is important to recognize that confusion has arisen from the neuropathological description of brain tumors as being highly cellular, based on apparent density of stained nuclei of small tumor cells under the light microscope, compared to the background of normal brain tissue. Even though the cells of normal tissue are much more densely packed, meaning small extracellular space, the nuclei of normal cells are not as numerous. Tumor cells cannot pack densely as the cell-cell junctions present between normal cells are absent. Restricted diffusion in tumors, sometimes observed by diffusion weighted MR imaging, is not due to high CVF but rather related to excessive and altered ECM (Bruehlmeier et al., 2003) .
A new paradigm for clinical trials would be to add measurements of the change in CVF and tumor volume defined objectively based on normal CVF during each cycle of treatment to the current outcome measures of overall survival and progression free survival. Cell kill fraction would be the decrease in CVF during each treatment cycle. The tumor volume based on an automated threshold and the histograms of CVF derived using Eq. (4) within the threshold have been reported as a means of monitoring regional tumor responses on a time scale as short as a single cycle (e.g., Fig. 1 ) (Thulborn et al., 2009; Haneder et al., 2015) . These observational studies will need to be expanded into clinical trials to generalize the results and to validate the assumption that achieving a high cell kill prolongs survival, as required by the Prentice criteria for surrogate markers of outcome (Prentice, 1989; Berger, 2004) .
A role for sodium MR imaging in defining biopsy sites and extent of human brain tumors has been reported to be better that conventional proton MR image contrast (Weber et al., 2010; Bartha et al., 2008) . A recent report on sodium MR imaging in human brain tumors has suggested its prognostic potential may be better than isocitrate dehydrogenase (IDH1) mutation genetic status . The presence of the IDH1 mutation that occurs in 12% of glioblastomas is well known to predict better response to temazolamide chemotherapy (Parsons et al., 2008 ). An interesting point arising from the genetic survey of glioblastomas has been that 90% of glioblastomas show mutations related to ion transport underpinning the importance of ion homeostasis in cell cycle processes of neoplasia (Molenaar, 2011; Cong et al., 2015; Turner and Sontheimer, 2014; Thompson and Sontheimer, 2016) . 5.1.2.2. Other cancers. Unlike brain tumors with very poor outcome from local disease progression, outcome in breast cancer is determined by metastatic disease. Although 1 H MR imaging has high sensitivity of over 90% for detecting breast abnormalities, specificity remains below 75% (Heywang-Köbrunner et al., 2013) making mammography the better screening modality. Although 23 Na MR imaging can be expected to also have low specificity for breast pathology, it may have a role in measuring response to therapy prior to surgical resection in advanced tumors (Ouwerkerk et al., 2007; Jacobs et al., 2011) . A role for sodium imaging in other cancers such as prostate cancer is still evolving (Hausmann et al., 2012) .
Neurodegenerative diseases including Alzheimer's Disease (AD)
A major challenge facing the healthcare system is the increasing elderly population with concomitant increasing neurodegenerative diseases. The highest risk factor for neurodegenerative disease is increasing age. Alzheimer's disease, the most common cause of dementia in the elderly, and other dementias are estimated to have cost US$226 billion dollars during 2015 in the United States (Alzheimer's Association, 2015) . Projected costs for the future aging population are astronomical. Despite decades of research and enormous sums of money, no effective treatments are available for cure of Alzheimer's disease. As this disease begins decades prior to the clinical onset of symptoms, the opportunity exists to prevent the onset of symptoms if the pathological progression can be halted. However clinical trials using delay of onset of clinical symptoms as the outcome measure to evaluate early interventions would have to continue for decades. A recent review of the clinical trials performed over the last three decades and the development of trial methodology summarizes the lack of significant impact of trials directed towards late stages of disease and suggests a refocusing of efforts towards preclinical disease (Schneider et al., 2014) . Clinical trials using delayed advancement of clinical symptoms in patients already manifesting the clinical disease have involved thousands of patients and lasted many years only to demonstrate that the treatments were of no value in reversing or stopping progression of cognitive decline (Snitz et al., 2009; Green et al., 2009 ). Earlier smaller and shorter studies had suggested some delay in disease advancement but without effect on cognitive decline (Farlow et al., 1992; Knapp et al., 1994; Sano et al., 1997; Wilcock et al., 2008) . These studies support the view that, once brain tissue has been destroyed by disease, drugs are unlikely to be effective in reversing cognitive decline (Schneider et al., 2014; Knight et al., 2016) .
Such abysmal results in developing treatments for such a devastating disease after so much research suggest the need to refocus efforts on the early phases of the disease prior to clinical symptoms. Such an approach requires quantitative in vivo parameters sensitive to the earliest changes produced by the pathological process. The quantitative parameters are needed to measure progression, given no clinical symptoms are evident at this preclinical stage. A quantitative parameter measured in each subject also allows each participant to be their own control in longitudinal studies. Such paired measurements, rather than cross-sectional averages from populations, reduce the number of participants required to power a trial and do not have to extend over decades to reach clinically relevant endpoints.
Comprehensive reviews of the pathological development of Alzheimer's disease have been provided elsewhere (Serrano-Pozo et al., 2011; Masters and Selkoe, 2012) . The classification of the pathological evolution of the disease includes positive and negative factors. The Braak and Braak classification (Braak and Braak, 1991 ) is based on the positive factor of the neurofibrillary tangles (NFT) that first appear in the entorhinal cortex of the temporal lobes. The NFT are now known to contain phosphorylated tau protein. Briefly, the Braak neuropathological staging of AD is based on the distribution, pattern and density of neurofibrillary tangles (NFT) and neuropil threads that develop in pyramidal cells, initially in the transentorhinal cortex (presymptomatic transentorhinal stages I and II), extending into the entorhinal cortex and hippocampal regions (incipient AD limbic stages III and IV) and spreading to the neocortex (fully developed AD neocortical stages V and VI) (Braak et al., 1993; Braak, 1995, 1997) . Other staging classifications for disease progression based on amyloid deposition have been proposed (Braak and Braak, 1997; Thal et al., 2000; Braak et al., 1996; Villemagne et al., 2013; Reiman et al., 2012) . Extracellular deposits of beta amyloid with reactive astrocytes-neuritic plaques (NP) are another positive histological finding. Currently, the densities of NFT and NP in the neocortex and limbic areas are both used for the AD pathologic diagnosis. The negative factors include loss of synapses and pyramidal cells in the entorhinal cortex. The role of amyloid plaques has now been proposed recently as an independent process that enhances the further development of the AD pathology (Frisoni et al., 2010; Jack et al., 2002 Jack et al., , 2009 Jack et al., , 2010 Jack et al., , 2012 Jack et al., , 2013 Jack et al., , 2014 Jack et al., , 2015 .
If early interventions for AD are to be developed, these pathological changes of cell and synaptic loss as well as NFT and NP in the presymptomatic stages I and II need to be quantified as parameters for measuring disease progression. Longitudinal measurements in the inaccessible entorhinal cortex of the temporal lobes necessitate the role of noninvasive imaging, preferable without ionizing radiation. Although 1 H MR imaging has reported progressive hippocampal atrophy using morphometric techniques, these are findings of symptomatic AD (Jack et al., 2009 (Jack et al., , 2010 (Jack et al., , 2012 (Jack et al., , 2014 (Jack et al., , 2015 . Such morphometric parameters have large biological variations in the normal population. This means that large numbers of patients are required to detect differences between normal and AD populations in crosssectional studies (Jack et al., 2015) .
Recent reports from independent lines of research indicate that the cell density of the human brain remains constant with age and has a very small biological variation (Haug and Eggers, 1991; Resnick et al., 2003) . The loss of brain volume with advancing age is well recognized as a part of normal aging (Schmitz and Hof, 2007) . Although originally thought to represent loss of cells from the brain with age, modern design based stereology (Schmitz and Hof, 2007) and cell counting techniques (von Bartheld et al., 2016) have demonstrated that the normal aging brain does not loose cells but rather cells undergo an adaptive loss of synapses and dendritic arborization with concomitant decrease in cell volumes and interstitial space (Schmitz and Hof, 2007; von Bartheld et al., 2016; Pakkenberg et al., 2003; Pakkenberg and Gundersen, 1997; Terry et al., 1987; Herculano-Houzel, 2009; Bruno Mota and Suzana Herculano-Houzel, 2014; Freeman et al., 2008; West, 1993) . The implication is that the interstitial space and therefore the ECM within this space must decrease at the same rate as the cells become smaller. This is not unreasonable as the ECM is under dynamic turnover and is the product of the same cells. A smaller cell supports less ECM thereby providing a mechanism for keeping the CVF constant. CVF, derived from the TSC measured from quantitative 23 Na MR imaging has been reported as being constant for normal aging adults across the age range from 21 to 79 years . The whole brain average CVF was reported as 0.82 ± 0.01, in agreement with values provided by other techniques (Vargová et al., 2003; Zámecník et al., 2004) . This result serves as a baseline for examining the CVF and TSC in the hippocampus of AD patients. A qualitative sodium MR imaging study, performed using qualitative ratios of signal intensities between hippocampus and a control region of the brain, has reported signal intensity changes consistent with cell loss in the hippocampus of AD patients (Mellon et al., 2009 ). However that report used patients with symptomatic disease. PVE were not corrected and as patients who have symptomatic AD also have hippocampal atrophy, CSF contamination may have contributed to the signal change. Hippocampal volumes decrease with normal ageing and so comparison to age-matched controls does not eliminate PVE (Knoops et al., 2012) . The detection of CVF changes in the preclinical stage with 23 Na MR imaging has yet to be reported (Fig. 2) .
To achieve the required sensitivity for 23 Na MR imaging to detect the earliest cell loss in the small target of the entorhinal cortex in stages H axial images before (top row) and post (bottom row) radiation with pre-gadolinium T1-weighted (left) post-gadolinium T1-weighted (middle) and T2-weighted FLAIR images (right) show the poorly defined non-enhancing mass in the right frontal lobe that decreased in volume with treatment. The changes were monitored weekly and changes were progressive decrease in volume as the tumor margins reverted to normal CVF indicating killing of infiltrating tumor.
K.R. Thulborn
NeuroImage 168 (2018) 250-268 I and II of AD, as reported from neuropathological studies in human normal and AD brains (Davies et al., 1992) , the challenges of PVE and the broad PSF across multiple voxels discussed in Section 4.3 must be addressed to minimize CSF contamination biases towards lower CVF. This suggests a role for the use of clinical ultrahigh magnetic fields (≥7 T) and the higher resolution pulse sequences.
5.1.4. Heart, skeletal muscle and the rest of the body Sodium MR imaging has been reviewed for the heart elsewhere (Bottomley, 2016) and cardiac studies with sodium MR imaging continue to develop at 3 T and higher magnetic fields Ouwerkerk et al., 2008; Jansen et al., 2004) . Feasibility studies have been reported in skeletal muscle that relate to muscle diseases and exercise (Constantinides et al., 2000; Amarteifio et al., 2012; Weber et al., 2016) . The sodium concentration gradient through the medulla of the normal kidney which is the basis of renal function has been reported from sodium MR imaging (Zöllner et al., 2016; de Boer et al., 2016; Haneder et al., 2014) . Body and spine sodium MR imaging is developing and will expand opportunities and applications (Steidle et al., 2004; Malzacher et al., 2016; Noebauer-Huhmann et al., 2012; Insko et al., 2002; James et al., 2015) as had been forecast almost 3 decades ago (Granot, 1988) . These studies are just a few of the numerous applications that will continue to evolve as sodium capabilities become available on clinical scanners at 3 T and above.
Structural diseases
The balancing of the electrostatic charges on macromolecules is an important role of sodium ions for the structural scaffolding of all tissues. These interactions of sodium ions with macromolecules in both the interstitial and intracellular compartments produce the biexponential relaxation behavior of the sodium MR signal. This signal behavior can provide insight into tissue function and structure in health and disease.
Cartilage
The two most significant risk factors for joint and cartilage disease are advanced age and obesity, both of which continue to increase. The most important disease of cartilage is osteoarthritis (OA). For comparison to neurodegenerative diseases, OA costs the US healthcare insurance payers US$149 billion and the patients in out of pocket costs of US$36 billion in 2007 (Bitton, 2009; Kotlarz et al., 2009; Losina et al., 2015) . Such high costs do not measure the diminished quality of life that comes from joint pain that begins with cartilage disease (Kotlarz et al., 2009; Ryd et al., 2015) . These costs are distributed across early low costs of symptomatic pain relief with medications to ultimately very high costs of joint arthroplasty (joint replacement surgery). For example, total knee arthroplasty offers an effective solution for knee osteoarthritis but the cost is prohibitive for use as an early intervention of such a prevalent disease (Losina et al., 2015) .
Better early interventions are clearly required. This disease progresses over decades from mild pain to severe compromise of joint function and immobility with all the attendant medical and social complications. Just as with neurodegenerative disease, this slow progression offers the opportunity for early intervention to prevent the long-term complications. Similarly, the clinical trials required for the development and evaluation of early interventions require a quantitative assessment parameter for monitoring individual patients longitudinally. Again, paired samples, where participants act as their own control, requires fewer participants to statistically power such clinical trials. Outcome not longer depends on assessment of subjective symptoms of pain that change with chronicity.
Loss of the intact collagen and proteoglycans are early indicators of cartilage-based degenerative joint disease prior to the onset of anatomical changes (Wheaton et al., 2004; Borthakur et al., 2006) . The decrease in the cartilage sodium concentration that measures the loss in FCD due to the loss of GAG is evidence of early osteoarthritis (OA) (Ryd et al., 2015; Manzano et al., 2015; Han et al., 2011; Bekkers et al., 2010) . The challenges are that cartilage is usually thin compared to spatial resolution of 23 Na MR imaging. The largest joint cartilage is in the knee and measures less than 2 mm in thickness in cadaveric specimens from elderly adults (Shepherd and Seedhom, 1999) . This cartilage is immersed in synovial fluid with its own high sodium concentration. Thus, accurate quantification of the sodium concentration within the cartilage must avoid the PVE of synovial fluid. High spatial resolution with the newer pulse sequences combined with ultrahigh field (≥3 T) may be the best method for achieving accurate measurements . Within these constraints, 23 Na MR imaging has been applied to human studies of cartilage in health and disease (Ronga et al., 2014; Choi and Gold, 2011; Jordan et al., 2014; Gold et al., 2006; Crema et al., 2011; Reddy et al., 1998; Zbýň et al., 2016b) . This approach may meet the request for new methods to evaluate early treatments of cartilage diseases (Correa and Lietman, 2016) .
Other diseases of the ECM
The ECM of all solid tissue performs not only the role of the tissue scaffolding that is being continuously sculptured but is also involved in many other functions including sodium storage. The clinical dogma is that the kidneys maintain the sodium balance in the body. Orally ingested sodium is balanced by sodium lost in the urine. This balance supposedly reflects the constant serum sodium concentration. However, recent metabolic studies in humans measuring this balance between ingested and excreted sodium do not support this widely held concept. The use of 23 Na MR imaging to examine the sodium concentration in muscle and skin, along with these metabolic studies, has led to a new perspective of sodium balance within the body (Hammon et al., 2015; Linz et al., 2015; Kopp et al., 2013; Titze et al., 2016 ). These studies demonstrate that sodium can be bound to GAG in the skin as a store of sodium ions that is not in equilibrium with the blood and that mobilization from these stores may contribute to hypertension. Interestingly, these studies were performed in humans before animals. This means that a measurement of serum sodium alone does not provide a measure of sodium balance in the body (Titze, 2015) . 23 Na MR imaging is currently the only means of non-invasively investigating these sodium stores in humans. Dysfunction of the ECM results in many fibrotic diseases such as pulmonary fibrosis, systemic sclerosis (scleroderma), liver cirrhosis bioscales. The elderly subject shows the expected increased CSF spaces (white on TSC and black on CVF maps) but the brain parenchyma has the same TSC and CVF in both subjects (green color). The question remains to be answered as to when subjects with neurodegenerative disease (dotted line) deviate from the normal function.
and cardiovascular disease and is thought to be crucial for tumorigenesis and metastatic progression of cancer (Cox and Erler, 2011) . These diseases present potential opportunities for 23 Na MR imaging once it is available in clinical practice.
6. Barriers to the clinical future for 23 Na MRI
Widespread clinical sodium MR imaging at 3 T remains prohibitively expensive due to the high cost of the research MNS packages and RF coils offered by the commercial vendors in the absence of reimbursement codes. This situation is unlikely to change until clinical radiologists demand a more specific sodium single excitation channel capability at a lower cost on 3 T scanners. Given access to this clinical capability, radiologists would be able to answer medical questions about tissue viability in clinical settings where anatomic proton MR imaging is performed as a standard part of medical care, as discussed in Section 5. Such sodium MR imaging would be added to the reimbursed proton MRI examination just as additional proton sequences are often requested. Such additional imaging is not performed for increased reimbursement but for improved medical care. Even without adding any of the recent innovations of parallel excitation and reception now used for proton MRI, the current state of sodium MR imaging can answer these new clinical questions in acceptable acquisition times as an addition to the conventional anatomic sequences of proton MR examinations. This strategy to expand imaging capabilities without reimbursement is exemplified by diffusion tensor imaging and perfusion imaging. Both of these advanced proton MR imaging techniques are purchased to deliver improved medical care despite having no specific reimbursement codes.
Further improvements to sodium MRI will continue but are not essential for clinical use. However, a multi-center clinical experience beyond the research environment is essential to promote seeking reimbursement codes for sodium MR imaging. This dilemma of high capital cost of equipment for performing sodium MR imaging without additional reimbursement while having no multi-center clinical experience with which to support an application for reimbursement codes can be resolved. The need to contain rapidly escalating healthcare costs through improved preventive medicine may be one motivating issue to move beyond this impasse. Clinical trials for evaluation of early interventions to halt progression of preclinical AD pathology (and other neurodegenerative disease) may be a validating application for clinical sodium MRI in the brain (as discussed in Section 5.1.3). Similarly, evaluation of early interventions to slow or stop progression of osteoarthritis (as discussed in Section 5.2.1) may be another cost containment motivator in structural disease in the body. Other applications in stroke and malignancy, also discussed in Section 5, have a clinical role once sodium MRI is in clinical practice but these applications are unlikely to be significant cost reducers for these diseases. Both AD and osteoarthritis are expensive slowly progressive diseases in the increasingly aging population that offer opportunities for early prevention or mitigation of progression. Anatomic proton MRI does not provide this same information although performed in these clinical settings to exclude treatable causes that mimic these diseases.
As ultra-high field clinical scanners become available in the next few years, sodium MRI will be available as a routine imaging application. However, these scanners are not essential for clinical use of sodium MRI if scanner vendors provide a low cost solution for sodium MR imaging for the more widely available 3 T scanners.
Conclusion
The controversies that existed in the 23 Na MR imaging literature in the past have largely been resolved and have helped open new avenues of investigation. The variability in older published values for TSC in the brain were unacceptable high, presumably due to differences in calibration procedures and biases in acquisition methods with a range from below 20 mM (Inglese et al., 2010) to greater than 60 mM (Ouwerkerk et al., 2003) , as previously reviewed (Bottomley, 2012) . Recent literature after 2010 from multiple laboratories using different acquisition schemes and calibration procedures reassuringly give values for TSC values for the white matter or average brain tissue of normal human brains, where PVE are minimized, of around 35 ± 3 mM with a range from 30 to 38 mM Thulborn et al., 2016; Qian et al., 2012b; Paling et al., 2013) , pleasingly consistent with the expected value calculated from the two compartment model using Eq. (4) using known intracellular and extracellular concentrations and volumes determined by other methods. This remaining variation can be attributed to small systematic errors from differences in calibration methodology and PVE.
The proposition that sodium MR imaging is ready for clinical use is supported by the literature. The challenges of imaging the quadrupolar sodium nucleus quantitatively have been addressed at ≥3 T. The creative efforts of the few investigators in the early 1980s and of those who followed have not only resolved these issues but also demonstrated the rich potential for clinical use in important diseases. These applications are not substituting sodium for protons but offer to provide new metabolic information earlier in the disease processes to better serve medical discovery and ultimately clinical management. The important leap from qualitative biomarkers to bioscales of quantitative metabolic parameters can greatly improve clinical trial design. Parameters such as tissue sodium concentration (TSC), cell volume fraction (CVF) and fixed charge density (FCD) are tightly regulated in the normal state and so have small biological variations. Because diseases produce large changes in these parameters at early stages of disease progression, these bioscales can reduce the size and length of clinical trials for evaluation of early interventions. The vital roles of sodium in human health justifies moving 23 Na sodium MR imaging beyond the fun of the spin physics to address the unmet needs of modern healthcare. Diseases with significant economic impact and a long preclinical phase emphasize the need for preventive medicine and early interventions. Clinical 23 Na MR imaging can meet the demands of healthcare cost containment by "doing more earlier to lower costs and improve outcome". What remains is for the scanner manufacturers to step up to the remaining challenge of providing these capabilities on existing clinical 3 T and ultrahigh field MR scanners for a supportable cost.
